Abstract-A three layer Finite Element Model of skin, fat and skeletal muscle tissue is implemented. The model aims to study the influence of the dielectric properties of the muscle on electromyography signals. The paper focuses on the electrode configuration and its effect on the muscle myoelectric activity detected at the surface. Unlike previous models, the source signal is be generated from recorded intramuscular myoelectric measurements. The finite element model is compared to experimental data and shows a strong correlation in the frequency spectra (r=0.7276) for monopolar recordings but deviates from experimental observations for a bipolar arrangement. Modelling inaccuracies from the input data and experimental noise related to the bipolar modelling are explored.
INTRODUCTION
Electromyography (EMG) is the technique used to detect and measure muscle action potentials through surface or intramuscular electrodes. Surface electrodes have the advantage of being non-invasive, but the resulting measurement will be the cumulative electric activity belonging to the fibers of more than one motor unit, as they are randomly distributed across the muscle. The activity of a single motor unit, i.e. activity in all of the fibers innervated by a single motor neuron, located close to the skin surface becomes non-invasively detectable when the spatial resolution of the recording system is improved using electrode arrays in combination with spatial filtering procedures [1] . For experimental research, involving activation of multiple motor units, a bipolar differential configuration is generally used. Bipolar differential acquisition is often used because it will eliminate the common noise signal (since two electrodes in close proximity will have approximately the same noise).
The properties of a bipolar electrode depend on three factors [2] :
1) The orientation of the recording surfaces relative to the direction of the muscle fibers;
2) the distance between the recording surfaces;
3) the areas of the recording surfaces.
The main features (signal energy, noise, tissue filtering, and conduction velocity) influencing the outcome signal from a surface recorded myoelectric signal (sEMG) can be analyzed in the frequency spectrum. For instance changes in the muscle fiber action potential conduction velocity may result either in a stretch or a contraction of the spectrum band [3] .
Different models have been implemented to describe the influence of tissue properties on the detected sEMG. Block et al., 2002 [4] analytical model used a three layer (skin, fat tissue, muscle) cylindrical volume conductor to describe the muscle tissue and compared the surface potentials of the simulated model to experimentally recorded potentials. This model was aimed at overcoming the limitations of previous two layers models [5] , whose accuracy was sensitive to the depth of the potential source. Lowery et al., 2002 Lowery et al., -2003 , [7] developed this concept into a finite element cylindrical model to include the bone influence. These studies didn't validate their models with experimental data, but qualitatively compared the waveform with previously recorded myoelectric data. Analytical models must use defined ideal fiber geometries to be able to find a solution (e.g cylindrical). The finite element method (FEM) however allows more degrees of freedom to study the influence of different fiber geometries. An example is the finite element model proposed by Mesin et al., 2006 [8] where a 3D fusiform geometry is considered to study the influence in conductivity properties of the muscle due to muscle shortening. What is missing in the current literature is a model that considers the superimposed action potentials detected at different muscle depth levels, and how these are detected at the surface. Such a model would use intramuscular electromyography (iEMG) as an input and compare the simulated surface action potentials with the experimentally measured sEMG signals. This approach will give a better understanding of tissue signal conditioning, allowing a validation of the model itself. Moreover, it will be possible to study directly the influence of parameters such as detection area and interelectrode distance.
In the present work, the following objectives are pursued: Figure 1 . The Three layer Finite Element Model. The source signal is generated between the deep and middle muscle level, travelling along the x-axis from one side to the other side. The colour legend shows the electric potential in volts 1) Test the effect of muscle tissue dielectric properties (conductivity, permittivity) on the electric potential detected at the electrode.
2) Test the effect of the inter-electrode distance in a differential electrode configuration.
II. METHOD

A. Physical Model
As in previous studies [6, 9] , a quasi-static electrostatic formulation was set. This assumption considers the electric field propagation as instantaneous with respect to a time varying source that propagates in space. Therefore, inductive and capacitive effects can be neglected and the tissue is considered as an anisotropic pure resistor. The physics is governed by Maxwell's equation; in a quasistatic approximation and for a homogenous media, the equation of continuity can be written as: (1) is the conductivity of the media and is the electric field. The derived Laplace equation can be applied to define the electric potential distribution:
The constitutive properties link current density and the electric displacement with the electric field:
Where are respectively the permittivity on vacuum and the relative permittivity. At material interfaces the boundary conditions are expressed as: (5) is the normal unit vector at the interface and is the charge density.
B. Finite Element Model
The electrostatic module of Comsol Multiphysics finite element solver package (version 4.4, Cambridge, UK) was used in combination with Matlab (version r2013a, Cambridge, UK) to process data. A three layer (skin, fat, muscle) muscle model was implemented, Fig. 1 . On the surface two probe areas (2×4 mm) were defined to represent the surface electrodes (OT Bioelettronica semi disposable adhesive array, 10 mm inter-electrode distance, Turin, Italy). The skin and fat tissue were considered isotropic while the muscle anisotropy ratio (longitudinal conductivity over transversal conductivity) was set to 5 [6] . Tables I and II report the dielectric and   geometrical properties used in the model. The dielectric properties [10] were set to 100 Hz which is the typical median frequency of an EMG spectrum [6, 7] . The portion of muscle simulated was considered electrically isolated at its boundaries. The muscle tissue is subdivided into three 10 mm thick layers (deep, middle, superficial). The skin and fat tissue layer thickness were based on MRI images acquired from the same muscle used to get the experimental data. Intramuscular data was used as the source signal at the interface between the second and the third level of the model. A convergence study was performed for 6 levels of mesh density by refining the mesh globally from 396 to 21560 elements. The parameter chosen to measure convergence was the root mean square of the signal, since it represents the signal total energy. The results converge to around 0.00095 mV after around 5000 elements. The mesh design of our FE model used 11903 solid tetrahedral elements.
The signal was set as a propagating source along the boundary at a velocity of 4 m/s. The intramuscular and surface EMG measurements were taken from the long head of the biceps brachii muscle in one healthy male, adult volunteer who had provided informed consent in accordance with normal ethical standards and procedures. Biceps brachii has relatively parallel fibers and the advantage of being easily accessible for experimental measurements, therefore this simplified or controlled for other potential confounding variables such as changes in muscle fiber/fascicle pennation angle. Signals were recorded (5 kHz sample frequency) during 10% maximum voluntary contractions, with fine-wire electrodes inserted approximately 20-30 mm deep into the muscle and between the second and third channel of the surface electrodes (see Fig. 2b ). The recorded iEMG was imported into the FE solver after being notch filtered. The sampled intramuscular signal was interpolated with a cubic spline polynomial when imported into the FE solver. Due to the computational cost, a time window of 1 sec was taken from the iEMG (see Fig. 2a ). The iEMG amplifier gain was 1000, while the sEMG had a gain of 100. The difference in the gain is because sEMG contains the superimposition of more substrates of fibres. This contribution was included in our postprocessed sEMG by multiplying the signal by ten. Four simulations were run at different inter-electrode distances: 6, 8, 10, 15 mm. The Pearson's correlation coefficient was used to measure the correlation between the experimental myoelectric signals and the simulated signal.
III. RESULTS
In the experimental iEMG it is possible to distinguish greater levels of high frequency components in the signal spectrum when compared with sEMG. The sEMG measurement reveals low pass filtering as can be seen in the Monopolar surface EMG spectra in Fig. 3 . When comparing the simulated surface signal with the experimental signal (see Fig. 4 ), it is possible to distinguish the same low filtering effect (see Fig. 5 ). Table III reports the coefficient of correlation between the spectra of the monopolar and bipolar signals of the experimental and simulated surface potentials. The bipolar configuration showed a lower correlation. The frequency band envelopes (100 Hz low pass filtered) of the bipolar configuration simulated at different interelectrode distance is shown in Fig. 6 . As the interelectrode distance increased, the amplitude of the differential signal also increased.
IV. DISCUSSION
A finite element simulation of a three-layer soft tissue model was implemented. The model results were compared with experimental measurements and indicate good correlation in the frequency domain. . The model surface signal shows the same qualitative behavior of low pass filtering as observed in the experimental results. The filtering is due to the dielectric properties of the tissue layers. The monopolar model has a strong relationship (r 2 = 0.7276) in the frequency spectrum with the experimental results but this drops to a negligible relationship (r 2 = 0.1933) when a bi-polar configuration is considered (see table III ). The main causes for differences between the model and the experimental data are the input data and the experimental noise. The input data to the model estimated the conduction velocity at 4 m/s [6] which may differ from the experimental data. It was also assumed that the source signal coming from the iEMG, recorded in a specific point, was propagated across the entire active muscle volume. The iEMG within the experimental setup may be similar across the whole muscle volume but not the same. Differences in iEMG signal will be due to fiber orientation, fiber curvature and varying levels of activity throughout the muscle volume. Experimental data collection amplified the signal of the iEMG by 1000 but the sEMG by 100. This was corrected in the model by assuming the contribution of muscle activity was homogeneous and so a unique gain of x10 was applied to the whole signal, hence uniformly to all the frequencies, which again may not be the case in the experimental setup. These effects might be amplified when the signals are combined in the bipolar configuration; hence, the lower model correlation with the experimental results for bipolar. Further work to record more data from experimental studies of the intramusculuar myoelectric signal would enable a more thorough validation of the model, by producing more realistic input data. Electromagnetic noise at 50 Hz was present in the original experimental sEMG signal. This created inaccuracies from the presence of the harmonic components of the noise in the experimental signal (see figure 5 channel 2) despite notch filtering the signal (only notch filtered at 50 Hz not at the harmonics: 100, 150, etc). These components are not present in the simulated signal. Increasing the inter-electrodes distance seems to increase the noise harmonic components in the bipolar configuration. In the experimental results, the iEMG signal is propagating along the muscle fibre and the noise signal is stationary (within a local region), however, in the model both signal components are propagating. This means that noise in a local region is not similar and cannot be negated by using a bipolar configuration. At greater distances, the noise at each probe cannot be considered the same and thus, elimination due to a bipolar configuration is not expected. 
V. CONCLUSION
The present pilot FE model offers a new perspective in linking the intramuscular electric potential generated in the muscle fibers with the potential detected at the surface. The model has several limitations linked with the input data, noise and the intrinsic complexity of the muscle tissue. Muscle tissue curvature [11, 12] and bone [6] will also affect the measured electric potential but despite this, a good correlation in the frequency domain for the monopolar configuration was observed. In addition, the model replicated the low pass filtering effects seen in the experimental data. Further work is needed to improve the input data for the model to make meaningful conclusions on the bipolar electrode arrangement.
